The purpose of this study was to investigate the contribution of passive mechanisms to lower extremity joint kinetics in normal walking at slow, comfortable, and fast speeds. Twenty healthy young adults participated in a passive testing protocol in which the relaxed lower limb was manipulated through full sagittal hip, knee, and ankle ranges of motion while kinematics and applied forces were simultaneously measured. The relationship between passive joint moments and angles was modeled by a set of exponential functions that accounted for the stretch of uniarticular structures and biarticular muscles. Subject specific walking kinematics (80%, 100%, and 120% of preferred speed) were input into the passive models to estimate joint moments, power, and work attributable to passive mechanisms. Passive hip flexion moments were substantial from late stance through early swing, absorbing approximately 40% of the net negative work done during hip extension and producing over half of the net positive work done during the hip flexor power burst (H3). Passive ankle plantarflexor moments were also produced during pre-swing, but generated a smaller percentage ($10%) of the net ankle plantarflexor power burst (A2). The joint work attributed to passive structures increased significantly ( p < 0.05) with walking speed. The biarticular rectus femoris and gastrocnemius allowed for net passive energy absorption at the knee and subsequent return at the hip and ankle ( p < 0.05). Together, these results suggest that passive-elastic mechanisms can contribute substantially to normal human walking and that biarticular muscles play a role in passively transferring energy between joints. #
Introduction
Passive stiffness is often cited as a contributing factor to various gait impairments. For example, hip flexor tightness may limit step length, and hence gait speed, in elderly populations [1] . In addition, excessive ankle plantarflexor stiffness arising from muscle spasticity can limit dorsiflexion and thereby contribute to equinus gait patterns [2] . While the detrimental effects are recognized, the potential functional role that passive stiffness plays in normal gait is not well established. A quantitative assessment of passiveelastic mechanisms present in normal walking could therefore provide an improved basis for investigating factors underlying pathological gait.
A number of previous investigators have identified mathematical models of the passive joint moment-angle relationship [3] [4] [5] [6] [7] [8] . These models suggest that substantial passive joint moments could be present in normal gait [5, 8] , and may also be influenced by the stretch of biarticular muscles [3, 5] . To the extent that the passive joint moments arise from elastic deformation, passive mechanisms may also provide for energy storage and return during gait [8] . For example, stretch of the hip flexors during late stance may store energy that is subsequently returned in pre-and initial swing [9] . The purpose of this study was to quantitatively estimate the contribution of passive mechanisms to lower extremity joint kinetics in normal walking at varied speeds. Based on previous implications regarding pathological gait patterns, we tested the hypotheses that the passive-elastic moments at the hip and ankle contribute substantially to the hip flexor and ankle plantarflexor power bursts seen during walking. We also hypothesized that these passive mechanisms would include contributions from biarticular muscles.
Methods

Subject selection
Twenty healthy young adults participated in the study including nine males (age 24 AE 4, height 182 AE 10 cm, weight 79 AE 8 kg) and 11 females (age 24 AE 3, height 166 AE 10 cm, weight 58 AE 13 kg). Subjects had no history of major orthopedic diagnosis or pain in the lower back, pelvis, or lower extremity. Each subject gave informed consent in accordance with a protocol approved by the University of Wisconsin's Health Sciences Institutional Review Board.
Experimental testing
The experimental testing included two components: a passive testing protocol [10] and gait analysis. During all testing, body segment kinematics (100 Hz) were measured with a passive motion capture system (Motion Analysis Corporation, Santa Rosa, CA) and processed using motion capture software (EVaRT v. 4.7.1). The kinematic marker set consisted of 23 anatomical markers placed on identifiable landmarks and 19 additional tracking markers placed on limb segments to aid in segment tracking [11] . A subset of the marker set, consisting of the markers on the dominant lower extremity, was used in tracking limb motion during passive testing (Fig. 1a) .
A passive testing protocol was designed to obtain continuous joint angle and passive joint moment measurements while the subject's dominant limb was manipulated through full sagittal ranges of motion about the hip, knee and ankle. The subject was positioned side lying such that sagittal plane motion would occur in a non-gravitational plane. A padded brace was used to secure the pelvis. The subject's limb was supported on a smooth table by two carts each comprising a plate supported by ball bearings to allow for motion with negligible resistance. The limb was manipulated by a physical therapist using two three-dimensional handheld load cells (Model 45E15A, JR3 Inc., Woodland, CA). Manipulations were conducted at a slow speed (<108 s
À1
) in order to minimize inertial contributions to the observed joint moments. Fifteen unique trials were performed to elicit passive contributions from the uniarticular soft tissues as well as major biarticular muscles acting about the hip, knee and ankle joints [10] . Four markers, rigidly attached to each load cell, were used to continuously track the position and orientation of the load cell relative to the lower extremity.
Load cell forces, moments and electromyographic (EMG) activities were recorded (2000 Hz) simultaneously with the kinematics using a 12 bit A/D converter interfaced with the collection computer. EMG activities were recorded using seven pre-amplified single differential surface electrodes (DE-2.1, DelSys, Inc., Boston, MA) placed over the rectus femoris, vastus lateralis, medial hamstrings, lateral hamstrings, tibialis anterior, soleus and gastrocnemius muscles. The electrodes had a fixed 10 mm inter-electrode distance, were interfaced with an amplifier/processor unit (CMRR >84 dB at 60 Hz; input impedance >100 MV), and were coated with conducting gel prior to application. Electrode locations, determined by the same investigator for each subject, were prepared by shaving the skin and cleaning with alcohol. EMG signals were visually monitored during passive testing and any trial with detectable muscle activity was repeated.
Each subject also performed a series of five walking trials at three speeds (80%, 100%, and 120% of a self-selected speed) along a 10 m walkway. Preferred speed was first established by measuring the subjects average normal gait speed in the laboratory. Subjects were then asked to walk at the same speed, slower or faster, with the order randomized for each subject. Trials were repeated if the subject was not within AE5% of the desired speed. Ground reaction forces for two successive foot strikes were recorded at 2000 Hz using three imbedded force plates (Model BP400600, AMTI, Watertown, MA).
Biomechanical modeling and analysis
A seven segment, 18 degree-of-freedom (dof) model of the pelvis and lower extremity [12] was used to characterize joint kinematics and kinetics. Six degrees of freedom (dof) were used to define the position and orientation of the pelvis. The hip was represented by a three dof spherical joint. The knee was represented as a one dof joint in which non-sagittal rotations, and both tibiofemoral and patellofemoral translations were computed as a function of the sagittal knee angle [13] . The ankle and subtalar joints were represented as pin joints aligned with the anatomical axes [14] .
Scaled models were developed for each subject. Body segment coordinate systems, tracking marker locations, and segment lengths were first established using the marker positions collected during an upright calibration trial. Hip joint locations were then determined by applying a functional spherical joint center identification algorithm to trials in which the subjects circumducted their legs [15] . Segment lengths and joint centers were then used to scale the segments of the generic 18 dof model.
The pelvis position, pelvis orientation, and lower extremity joint angles were computed at each time step in both the passive and gait trials using an inverse kinematics routine that minimized the sum of squared differences between measured marker positions and corresponding positions on the model [16] . Joint angles were low-pass filtered at 3 Hz (passive testing) or 6 Hz (gait testing). Joint angles were subsequently numerically differentiated to obtain the angular velocities and accelerations. Inverse dynamics analysis was used to compute the hip, knee, and ankle joint moments from the joint kinematics and measured load cell forces (passive testing) or ground reactions (gait testing). SIMM Pipeline (Musculographics Inc., Motion Analysis Corp., Santa Rosa, CA) was used in conjunction with SD/FAST (Parametric Technology Corporation, Waltham, MA) and custom code to perform the inverse kinematics and inverse dynamics analyses.
The relationship between sagittal joint angles and passive joint moments was modeled by exponential functions that accounted for the stretch of uniarticular structures and biarticular muscles about the hip, knee, and ankle. Uniarticular functions representing the hip extensors, hip flexors, knee extensors, knee flexors, and ankle plantarflexors were each described by:
M ¼ e bðuÀaÞ (1) whereM is the passive joint moment associated with a joint angle u, b is a gain parameter, and a is an offset angle. Biarticular functions representing the hamstrings, rectus femoris, and gastrocnemius were each described by:
whereM prox andM dist are the proximal and distal passive joint moments associated with proximal joint angle u prox and distal joint angle u dist . The biarticular function was formulated with a proximal gain parameter b prox , a distal gain parameter b dist and an offset angle a in such a way that conservation of energy storage and release across the joints was ensured. Model parameters were estimated for each subject using a least squares fitting method that minimized the sum of squared differences between the measured and predicted passive moments (lsqcurvefit, MATLAB 1 , The Mathworks Inc.). A full description of the passive moment-angle model is available elsewhere [10] .
Passive joint moments during walking were estimated using the joint angles measured during gait as inputs to the passive models (Eqs. (1)-(3) ). These passive moments, along with net moments measured during gait testing, were multiplied by their respective joint angular velocities to determine passive and net joint powers. Passive and net power curves were then integrated over the gait cycle and over specific power bursts to provide estimates of the work attributable to passive mechanisms. To understand the relative timing and role of the individual passive structures included in the passive model, we also separately computed the passive power attributable to each uniarticular structure and biarticular muscle.
At each speed condition, a t-test was used to determine if a joint's net passive work across the gait cycle was significantly different from zero. A significant result would suggest that biarticular components transferred energy either to or from that joint. The effect of speed on passive joint work measures was evaluated using a one-way ANOVA. All statistical analyses were conducted using MATLAB 1 with a significance level of p < 0.05.
Results
The exponential models identified for each subject were able to accurately reproduce the passive joint moments from the measured joint angles. Average root mean square errors were 2.5 (AE0.5) Nm in hip flexion-extension, 1.4 (AE0.3) Nm in knee flexion-extension, and 0.7 (AE0.2) Nm in ankle plantar-dorsiflexion. The influence of the biarticular muscles on the passive moments was found to be substantial at joint angles representative of normal gait (Fig. 1b) .
The estimated passive moments during gait were largest from mid-stance through initial swing phase (Fig. 2) . The passive hip moments coincided temporally with the net hip flexor moment, producing on average $35% of the peak net moment. The passive ankle moments coincided temporally with the net ankle plantarflexor moment, producing on average $21% of the peak net moment.
The most substantial contribution of passive moments to joint power occurred during the H2, H3 and A2 power bursts (Fig. 2) . A negative passive hip flexor power during H2 resulted in 38% of the negative H2 work being elastically absorbed. This energy was released during H3, thereby contributing an average of 58% of the positive work done during H3. Passive ankle plantarflexor power contributed an average of 15% of the net work done during A2. The work attributed to passive elements increased significantly with speed for all the hip and ankle power bursts considered ( p < 0.05, Fig. 3 ). The work done by passive elements across the gait cycle was non-zero ( p < 0.05) at each joint except at the knee at the slow walking speed with positive work being done at the hip and ankle and negative work being done at the knee ( p < 0.05) (Fig. 4) . This was a direct result of the passive exchange of energy between the knee and hip via the rectus femoris, and between the knee and ankle via the gastrocnemius (Fig. 5 ).
Discussion
In this study, we quantitatively investigated the role of passive-elastic mechanisms during normal gait in a subjectspecific manner. Our results suggest that uni-and biarticular soft tissue stretch about the hip and ankle contribute substantially to the power bursts generated from mid stance through initial swing. The largest passive moments arose as a result of hip flexor stretch from terminal stance through initial swing, reaching $0.88 Nm/kg or $35% of the net hip flexor moment. Others have estimated the passive hip flexor moments near toe-off as between 10% and 50% [7, 8] of the net moment. The passive hip flexor moment enabled the absorption of energy during terminal stance and subsequent return of energy during pre-and initial swing. This mechanism may therefore reduce the active energy required to initiate swing and generate propulsion [9] . Passive mechanisms also contributed to the ankle plantarflexor power burst which may further reduce active energetic requirements. However, the relative magnitude of net plantarflexor work (15%) was not as impressive as that seen at the hip.
Passive stretch of the biarticular muscles, particularly the gastrocnemius and rectus femoris, contributed to the net moments and powers seen in normal gait. A decomposition of the net passive power curve into the constitutive components reveals the important role these muscles can play (Fig. 5) . Our analysis suggests that the rectus femoris can be passively stretched during pre-and initial-swing, contributing to a net negative power at the knee and simultaneously to a net positive power at the hip. Thus the stretched rectus femoris may act to transfer energy proximally. The gastrocnemius, on the other hand, utilized a stretch-recoil mechanism to transfer energy distally by absorbing energy at the knee during mid-to terminal stance, and then returning that energy at both the knee and ankle during pre-and initial swing. It is interesting to note that our analysis did not reveal a significant role of passive hamstring stretch in normal walking. However, others [17] have shown . The total passive work at an individual joint across a gait cycle can be non-zero due to biarticular muscle stretch transferring energy across joints. At all speeds, a significant amount of energy was absorbed at the knee ( p < 0.05). This energy was returned at the hip (all speeds) and ankle (100%, 120%) via rectus femoris and gastrocnemius stretch, respectively. a significant correlation between hamstring tightness and available knee extension in patients with cerebral palsy, suggesting that the contributions of passive hamstring stretch may be important to consider in pathological gait. Passive contributions to the net hip flexor work increased significantly with gait speed. This result was a direct consequence of the larger peak hip extension (from $108 to $148) that occurred when increasing from a slow to fast gait speed. Similar changes in peak hip extension have been observed in other studies [1] .
The methods and results presented may be relevant for identifying the role that range-of-motion impairments at the hip may play in gait impairments afflicting elderly adults. For example, it has been suggested that passive forces generated by tight hip flexors may be used to compensate for reduced ankle plantarflexor power during gait in individuals with knee osteoarthritis [9] . Mild hip flexion contractures may also restrict hip extension in healthy elderly populations [1] , and thereby contribute to the reduction in ankle plantarflexor power that is commonly observed in elderly gait [1, 18, 19] . This study clearly shows that normal hip flexor tightness can be efficiently utilized to reduce the need for active hip flexor power generation. One could thus presume that an increase in hip flexor tightness due to contracture would necessitate a change in kinematics (less hip extension, e.g. [1] ) to achieve the same passive contributions. Alternatively, walking with the same kinematic pattern could potentially result in an increase in hip flexor power, which has been observed in the gait of older adults [18] . Further investigation of the utilization of passive mechanisms in elderly gait seems warranted to better understand the role that range-of-motion limitations may play.
Various assumptions are important to consider when interpreting the quantitative results of this study. First, our methodology, and that of others [5, 6] , inherently assumes that passive properties are additive with the active components present. This is likely a reasonable assumption for fully passive structures such as the joint capsule, ligaments, and skin. However, the interaction of passive and active components in muscle remains an area of active research [20] , making it more challenging to quantify precisely how passive components are utilized in movement. Secondly, our passive moment-angle model does not account for some hysteresis present in the passive data [10] . Our parameter estimation includes both the increasing and decreasing parts of the moment-angle curve, thereby splitting the difference in the fit. This compromise likely resulted in a slight under-estimation of the peak passive moment and an over-estimation of the passive energy returned. Thirdly, our passive model did not account for viscoelastic effects due to the complexity of distinguishing and identifying the velocity-dependent forces arising from stretch of each uni-and biarticular muscle. It is noted however that a prior study found that passive moments seemed to be independent of velocity for passive hip manipulations [8] . Finally, our passive testing and identification procedure only considered the influence of limb motion in the sagittal plane. This may be a reasonable approximation for normal gait, but not necessarily when applying the techniques to pathological gait, where the influence of non-sagittal motion (e.g. hip muscle stretch due to adduction) may be important to consider.
In conclusion, this study clearly shows that during normal walking passive mechanisms have the potential to contribute substantially to joint kinetics. Thus, it seems important to consider passive elements in the modeling and analysis of normal gait, and could also be relevant to understand pathological gait where impairments may disrupt normal passive mechanisms.
